Minimally invasive surgery has been one of the most significant evolutions in medicine. In this approach, the surgeon inserts specially-designed instruments through a small incision on the patient's skin into the body cavities, abdomen, veins or, arteries and performs the surgery on organs. As a major limitation, surgeons lose their natural tactile perception due to indirect touch on the organs. Since the loss of tactile perception compromises the ability of surgeons in tissue distinction and maneuvers, researchers have proposed different tactile sensors. This review is to provide researchers with a literature map for the state-of-the-art of tactile sensors in minimally invasive surgery, e.g. in robotic, laparoscopic, palpation, biopsy, heart ablation, and valvuloplasty. In this regard, the pertinent literature from the year 2000 on sensing principles, design requirements, and specifications were reviewed in this study. The survey showed that size, range, resolution, variation, electrical passivity, and magnetic-resonance-compatibility were the most critical specification to study for tactile sensors. Based on the results, some of the requirements, e.g., magnetic-resonance-compatibility and electrical passivity are of less generality and more applicationdependent; however, size, resolution, and range specifications differ for various applications and are of utmost importance.
I. INTRODUCTION
Minimally invasive surgery (MIS) has been the preferred surgical approach over the conventional open surgery due to various advantages. MIS approach allows the surgeon to reach the internal anatomy through small skin incision using specifically-designed low-profile surgical instruments or flexible catheters [1] . As a result, MIS reduces the anesthesia time, incision size, intraoperative blood loss, postoperative infection, trauma, and hospitalization time [2] . With the emergence of robots in MIS, the accuracy and dexterity of manipulation of surgical instruments were considerably The associate editor coordinating the review of this manuscript and approving it for publication was Gursel Alici .
improved [2] . Furthermore, the surgeon's physical fatigue and ionizing radiation exposure have been decreased via robotic-assisted minimally invasive surgery (RMIS) [3] . Despite the outstanding advantages of manual MIS and robotic MIS (RMIS), several limitations exist for surgeons. For example, due to the indirect access to the anatomy surgeon's hand-eye coordination, the field of view, and the workspace of the tools are compromised. Most importantly, surgeons lose their natural sense of touch, which results in limited or no haptic perception [4] . Haptic feedback includes kinesthetic (force) and cutaneous (tactile) feedback, the absence of which may adversely affect surgical efficiency and efficacy; thus, resulting in sub-optimal medical treatment [5] .
To tackle this problem, researchers have proposed and developed different tactile sensors to integrate with the surgical instruments and provide surgeons with haptic and tactile information. It is well-known that force feedback helps the surgeon to apply an appropriate force to avoid tissue damage, which is commonly observed as a by-product of loss of haptic feedback and unintentional excessive instrument force [5] . As an instance, da Vinci surgical system (Intuitive Surgical Inc., Sunnyvale, CA), the first and one of the most commercially successful surgical robots to date [3] , does not provide the force or haptic feedback. It has been reported that the grasping force would be significantly reduced by force feedback in the da Vinci-performed operations [2] .
Utilization of a sensor to measure the tactile cues can ultimately increase the efficiency of the surgery by increasing the surgeon's situational awareness [2] , especially for high-risk surgeries, e.g., heart and brain [6] . Such a tactile sensor shall meet specific physical and functional requirements. As instances, surgical instruments like graspers and forceps have small jaws. Therefore, the sensor should be miniaturized to fit at the desired location. Also, the sensor shall be able to work under both static and dynamic conditions, specifically for the moving organs like heart [7] .
Similarly, the surgeon may need to hold a tissue by applying a static force continuously [8] . This static force must be constant during the holding period. Also, to avoid tissue laceration the force must not exceed a specific range. However, due to the viscoelastic nature of the tissues, tool-tissue interaction force might diminish over time (a.k.a. stress-relaxation phenomenon), leading to tissue slippage [9] . Another example would be when the procedure is performed under magnetic resonance imaging (MRI). Such a surgical procedure requires the sensor being MRI-compatible. Moreover, in some procedures like cardiovascular MIS, the sensor must be electrically-passive to avoid the interference with the electrical activity of the heart [6] , [10] .
Tactile sensors for the MIS applications have been mainly developed based on the electrical or optical principles. Fig. 1 shows the categories of tactile sensors for MIS based on their sensing principles. Electrical-based tactile sensors are the most proposed sensing modality for MIS [6] , [11] . Electrical sensors can be further categorized as piezoelectric, piezoresistive, and capacitive sensors. Although the electrical-based sensors address most of the requirements mentioned above, are neither MRI-compatible nor electrically-passive. Besides, the piezoelectric-based sensor can not measure the static force. High hysteresis and lack of repeatability are other disadvantages of this category of sensors. On the other hand, optical fiber-based sensors are biocompatible, lightweight, and corrosion resistance. Moreover, optical sensors are electrically passive and work appropriately in MRI environments [12] . This has led to the recent wide adoption of the optical-based sensor for MIS and RMIS [6] .
Optical sensors mainly work based on three principles: light intensity modulation (LIM), phase modulation (PM) and, wavelength modulation (WM) [6] , [10] . In comparison, the LIM-based sensor provides unique advantages by being inexpensive, thermally insensitive, simple design and easily implementable, while PM-and WM-based types need a relatively expensive measurement system to calculate physical parameters like force and displacement. The downside of LIM-based sensors is that the miniaturization is still a critical issue which limits their scalability. This limitation largely affects the resolution and range of measurement [13] , [14] .
The design requirements (a.k.a. constraints) for the tactile sensors in MIS applications can be related to the physical and functional properties of the sensors. Physical requirements attribute mainly to the shape and size of the sensors, while the functional constraints relate to the compatibility, interaction, and performance of the sensor at the bio-environment. As an example of physical constraints, an MIS tactile sensor should be small in size and cylindrical in shape to be integrable at the body or tip of a catheter. As a functional requirement, the sensor should be capable of measuring the contact force in a range of 0-5N with a resolution of 0.01N [15] . Furthermore, the sensor should be fairly sensitive, linear, and show a low level of hysteresis.
This review aims to provide an overview of the state-of-theart of the proposed tactile sensors integrated with the MIS and RMIS surgical instruments. Previous reviews in the literature have mainly focused on either optical or electrical sensors, e.g., [16] . Also, the reviews which covered both principles were not specifically focused on the MIS/RMIS applications, e.g., [17] . To this end, in this review, various types of tactile sensors, the sensing principles, surgical applications, advantages, and limitations were discussed. Also, the theoretical background of the sensing principles and design requirements of the sensors were critically described and compared. Different physical, engineering, and biologic requirements of the tactile sensors, i.e., size, range, resolution, variation, electrical passivity, and MRI-compatibility, were highlighted. In the end, the concluding remarks summarized the current technological obstacles and perspectives for future research and development.
II. METHODOLOGY
Researchers have investigated the physical and functional requirements of tactile sensors for surgical applications from various points of view, e.g., geometrical, mechanical, electrical, and medical specifications. Therefore, the available literature is broad and multi-disciplinary. This review is based on surveying the literature on Google Scholar, Scopus, Engineering Village, and PubMed. The period was limited to articles published from the year 2000 to 2019. Keywords used in the searches were logical ('.AND.'-'.OR.') combinations of 'tactile sensor', 'force sensor', 'pressure sensor', 'optical sensor', 'fiber optic sensor', 'MIS sensor','RMIS sensor'. The duplicate findings were discarded and the remaining papers were reviewed according to their sensing principles with application in MIS/RMIS procedures, e.g., robotic surgery, laparoscopy, palpation probing, biopsy needling, heart ablation, valvuloplasty. The summary of the literature review is provided in Section III.
III. TACTILE SENSORS IN MINIMALLY INVASIVE SURGERY A. ELECTRICAL-BASED TACTILE SENSORS IN MIS
In the last decade, many tactile sensors have been developed and investigated for MIS/RMIS applications. Although they were mostly research prototypes, a few were commercialized. The application of the sensor is a major factor that imposes physical and functional requirements. Therefore, in choosing a sensing principle, the application factor must be carefully taken into account. Researchers must first define the use-case of the sensor before adopting a sensing principle and developing a sensor upon that.
The most adopted sensing principles for MIS and RMIS tactile sensors are electrical-based sensors [6] , [11] . These tactile sensors are further categorized into piezoresistive, piezoelectric, and capacitive sensors. In the following, the electrical-based tactile sensors are summarized. In the end, a summary of verified and validated electrical-based MIS and RMIS sensors are tabulated.
1) PIEZORESISTIVE TACTILE SENSORS
The piezoresistive sensing principle is based on the change in the resistivity of the material cause by a mechanical strain in response to a physical stress, e.g., compressive, shear, thermal stress. The change in the resistance of a (semi-)conductor is a function of its physical dimensions and the material resistivity. The change in the dimensions is exploited mainly in the metallic conductors. For example, strain-gauges have been developed based on the geometrical deformation of strainsensor-embedded structures. For semiconductors, however, the change in (specific) resistivity is employed [19] .
Strain gauges are a popular type of piezoresistive sensors, which are normally thin, long, and zig-zag-patterned conductors. When a conductive material is deformed, its dimension vary in the x, y, and z directions due to its Poisson's ratio. The spatial strains caused by the deformation regulates the variation of the resistance [19] , [20] according to Eq. 1.
where, R, ν, and ρ are the resistance of the piezoresistor, Poisson's ratio, and resistivity, respectively. While ρ /ρ is negligible in metals and strain gauges, it is noticeable in semiconductors. The change in the resistance can be expressed in terms of the applied pressure, force, temperature or deformation. The applied stress can be further written in terms of the observed strain using a constitutive equation, e.g., linear Hooke's law for springs.
In an early study, Tanimoto et al. [21] proposed a micro piezoresistive force sensor for intravascular neurosurgery to measure the interaction force between the catheter with 1.65 mm of diameter and blood vessels. For the first time 7684 VOLUME 8, 2020 FIGURE 2. (a) Two sensorized graspers with microstrain gauges placed at the jaws, (b) electronic feedback system with LED to display the sensor output [18] .
in the world, they evaluated their tactile sensor in a canine animal model. The sensor was comprised of a set of piezoresistive strain gauge on a silicon diaphragm. The silicon diaphragm would deflect due to the applied pressure, and the resistance of the strain gauges would change. The validation was performed for the range of force caused by the blood pressure in healthy circulation, i.e., 60-130 mmHg. Their sensor was capable measuring at a rate of over 2 kHz and successfully captured the fluctuation of blood pressure.
Similarly, Dargahi and Najarian [18] mounted two microstrain-gauge sensors at the back-face of a custom-designed endoscopic grasper. Two different types of the proposed grasper and their associated electronic feedback system is shown in Fig. 2(a) . The magnitude of the applied force on the grasper was displayed on a light-emitting diode (LED) display ( Fig. 2(b) ). Their force senor was working linearly in the range of 0.5 to 10 N with 0.5 N precision. The sensor had high sensitivity and a wide range of measurement suited for the endoscopic surgery. Since endoscopic grasper was to work safely in the liquid-present human body, they encapsulated the sensor with a silicon rubber wrap that sealed the tactile sensor.
King et al. [22] , [23] integrated a FlexiForce TM piezoresistive force sensor on a surgical tool of the da Vinci system and transmitted the grasping force to the surgeons. Their study revealed that the force feedback could enhance the safety in robotic surgery by reducing the grasping forces during the procedures significantly. In another effort, Hu et al. [24] , developed a tactile sensor inspired by the biological hair cells. The hair cells consist of a cilium and a neuron. When an external force or local fluid flow deforms the cilium, the mechanical deformation is conveyed trough the neuron attached to the bottom of the cilium and generates the action. This bioinspired tactile sensor was proposed for robotic end-effector. It was composed of a central silicon post and a bottom polyamide diaphragm with four integrated piezoresistors. Fig. 3 (a) illustrates the 3D design, and the view of the bottom surface included the resistors. Bending the silicon post would deform the diaphragm on which piezoresistors were located. As a result, three components of the mechanical forces were captured by four piezoresistors. Having the high aspect-ratio silicon post surrounded by a cylindrical cavity increased the sensitivity of the sensor as well as the measurement range.
To have a structure and size suited for the MIS instrument, a deep reactive-ion etching process was used for the fabrication of their sensor. The micro-needle pushing experiment was done in three directions of X, Y, and Z, while the differential voltages of resistors were recorded for calibration. The experimental results showed the shear and normal force sensitivity of 10.8 V /N and 3.5 V /N, respectively. This bio-inspired tactile sensor was a promising device for MIS applications due to its high sensitivity, durability, and simplicity. However, due to the limited lateral displacement of the silicon post, the sensor output would saturate in a shear force greater than 0.05 N. The schematic of their tactile sensor on a printed circuit board mounted on a robotic end-effector and the fabricated sensor with its wire-bonding are shown in Fig. 3(b) .
In another study, Zarenia et al. [25] sensorized a bipolar forceps to measure tool-tissue interaction force during the neurosurgical procedure. They installed strain gauges sensors to a commercially available bipolar forceps. When the surgeon opens and closes the prongs of the forceps, forces would be applied perpendicular to the longitudinal axis of the prongs. These forces would cause deformation in strain gauges and subsequently change their electrical resistance. They proposed two configurations for the strain gauges. In the first design, for axial measurement, a set of strain gauges were installed on the lateral side of the forceps along the X-axis, as shown in Fig. 4 (a). Since in reality, in addition to the axial strain, a lateral strain is occurred by the axial shortening in forceps prongs, a planar configuration with two sets of strain gauges in both X-and Y-axes were developed. Fig. 4 (b) depicts the planar configuration. To increase the sensitivity, Zarenia et al. used finite-element analysis to optimize the location of the strain gauges on the forceps.
They tested the axial and planar bipolar forceps in five different neurosurgical tasks on two cadaveric brains. In all tasks, the axial forces were less than the planar force. Moreover, their sensorized forceps showed the efficiency of measuring the real-time intraoperative tool-tissue interaction force. Such information would be invaluable for training and evaluating the performance of inexperienced surgeons with sensor-equipped surgical robots and virtual reality simulators. Although piezoresistive tactile sensors exhibit high dynamic range of measurement, high spatial resolution, simple manufacturing process, and durability, their major limitation is hysteresis [17] . Unless compensated, hysteresis decreases the reliability of the system by reducing the sensitivity and repeatability of the tactile sensors [6] , [17] . As an option, embedding the piezoresistors in a flexible self-recoverable structure is an option [26] . However, a secondary hysteresis might occur due to the viscoelastic properties of such a structure. Another possibility would be to compensate for the hysteresis through proper nonlinear calibration [13] , [27] . A summary of the state-of-the-art piezoresistive tactile sensors postulated for MIS are mentioned in Table 1 .
2) PIEZOELECTRIC TACTILE SENSORS
Since 1880, the discovery of the piezoelectric effect led to the most significant revolution in developing transducers and sensors. Also, with the discovery of the piezoelectricity in Polyvinylidene Fluoride (PVDF), it has emerged in the electrical-base sensors in the 60s. Piezoelectricity is the phenomenon of accumulation of electric charge on the surface of a solid due to physical stress. Such accumulation of charge on one surface of a solid produces electrical potential difference across the solid. Consequently, the deformed solid acts as a capacitor. However, since the electric charges tend to migrate from high potential to low potential, and in the absence of a physical barrier, e.g., dielectric, the charges move toward the low potential locations. This makes the piezoelectric phenomenon temporary under constant mechanical stress (static loading). Equation (2) shows the simple mathematical relationships between the electromechanical effects used in the design of piezoelectric sensors [29] .
7686 VOLUME 8, 2020 where V is the generated electric field in volts per meter and σ , is the induced stress by physical loading. The coefficient f is a constant. The produced mechanical strain is defined by (3):
d is the piezoelectric coefficient and has the following relationship with f and E Young's modulus of the piezoelectric material.
Equations (3) and (4), are the fundamental expressions to correlate the electrical voltage and physical loading. Similar to the piezoresistive theoretical framework, proper constitutive assumptions can be employed to relate the physical stress to the piezoelectric voltage.
In the last decade, many tactile sensors have been proposed based on the piezoelectric principle. For example, Elkund et al. [30] developed a piezoelectric tactile sensor for measuring the tissue stiffness at the tip of a surgical catheter. Their sensor was tested in both silicon and a human prostate model. It was intended to be used for diagnosing prostate cancer. In continuation, Sokhanvar et al. [28] proposed piezoelectric-based sensors for application in minimally invasive endoscopic instruments. They utilized the microelectromechanical system (MEMS) technology to fabricate a miniaturized tactile sensor for MIS graspers. To have a sensitive and linear system, they used PVDF film as the transducer to measure the force, force position, and softness of the grasped object. Estimating the relative softness of the object necessitated at least two independent sensors to quantify the applied force on the object and its total deflection. Fig. 5 (a) illustrates the cross-section of the sensor structure proposed in [28] . Also, Fig. 5 (b) and (c) show a single sensing unit under applied force during a grasping task, and a schematic of the sensor on the grasper, respectively. When the object was grasped, the middle PVDF film would deform and change the sensor's voltage. The voltage was calibrated versus the softness of the object.
Also, the PVDF on support-1 would show the grasping force when the tissue was grasped, while support-2 was used to determine the position of the point load. To validate the sensor performance, firstly, they selected four samples of the materials with known durometers and calculated their compressive Young's modulus, which was in the range of 50 to 280 kPa and hard material with 6 MPa. In fact, each material was a representative of human tissue. Due to the favorable results of their sensor in material distinction and contact point detection, they postulated to use the sensor in an array configuration. However, because of the intrinsic decay of voltage in the piezoelectric sensing element, their sensor was not able to meet the use-case requirements for static loading conditions, e.g., in the constant grasping of tissues. In a similar study, Chuang et al. [31] fabricated a miniature piezoelectric tactile sensor to detect submucosal tumors in endoscopic procedures. The sensor was made of a PVDF sensing film and two components consisted of a hard copper ball and polydimethylsiloxane (PDMS) soft outer packaging, as shown in Fig. 6 (a). Since these two components had different stiffness, they would sense different deformations under an external force. Therefore, when the sensor touched an object, the piezoelectric film under the two components would generate different voltages. The ratio of these two voltage outputs was used to calibrated versus the elasticity of the tested objects. This sensor could be integrated on the endoscope to distinct the hidden tumor from healthy tissues. Their results suggested the feasibility of a sensorized endoscope be used as a diagnostic instrument for faster and more precise treatment. The equipped endoscope with this tactile sensor is illustrated in Fig. 6 (b). They proposed an analytical model based on the tandem spring model and change in voltage output of piezoelectric components.
To validate the sensor performance, five different elastomers with known moduli of elasticity were injected into the normal tissue of the pig stomach submucosa. Fig. 6 (c) depicts the submucosa of the pig stomach included an artificial tumor. The sensor was able to estimate the elastic moduli of the samples between 1.01 and 3.51 MPa. Their results verified their postulation and were in fair agreement with the theoretical predictions.
In a recent study, Sharma et al. [32] introduced a biopsy needle equipped with a piezoelectric sensor. Their system, named as the Smart Touch Fine Needle (STFN) was capable of detecting the variation in tissue stiffness. It was utilized to characterize the thyroid tumor based on its mechanical properties. Studies have shown that malignant thyroid nodule is stiffer than the healthy nodules [33] . Therefore, real-time mechanical characterization of the thyroid nodules would help in the early detection of malignancies.
In [32] , the sensor was fabricated using additive manufacturing technology to have a precise and low-cost manufacturing process. A piezo-cylinder was used as a force transducer attached to the fine needle. The electric current induced by the mechanical force on the piezoelectric component was recorded in time. The schematic of the needle embedded with piezoelectric transducer and its experimental diagram is depicted in Fig. 7 (a). To calibrate their sensorized needle, they tested it on a series of known stiffness biomaterials. Also, they performed ex-vivo experiments on a series of extracted porcine kidneys. The force data during the insertion into the samples were recorded to characterize the tissue stiffness, as shown in Fig. 7 (b) .
To evaluate the sensor performance, different malignant thyroid samples of patients were tested and compared with the normal thyroid tissue. Results revealed that the stiffness of normal tissue was 0.06 ± 0.02 mN /mm, while the stiffness for the malignant tissue varied from 0.02 ± 0.00 to 0.41 ± 0.03 mN /mm.
Piezoelectric tactile sensors exhibit high sensitivity and accuracy. In addition, PVDF film transducers are fairly linear and respond at high frequency. However, piezoelectric sensors can not detect static loads. This constitutes their major limitation for surgical applications. Furthermore, piezoelectric sensors are thermal-sensitive, which means their characteristic equation changes by varying temperatures. In a surgical setup, the sensor is exposed to various temperatures, i.e., from 18 − 20 • C (operation room temperature) to 37 • C (core-body temperature). Therefore, thermal sensitivity also hinders its application in MIS and RMIS. A summary of the representative studies on piezoelectric tactile sensors for MIS applications is presented in Table 1 .
3) CAPACITIVE TACTILE SENSORS
Capacitive tactile sensors are the next widely used electrical-based sensors in MIS and RMIS. Essentially a capacitor is made of two facing conductive plates with a relatively small gap in between. If an electric potential difference is applied on the two plates, equal and opposite electrical charges are accumulated on both surfaces. An insulator slab (dielectric) might be placed in the gap space to increase the capacitance. The capacitance for two parallel plates, C, is defined by (5) , in which Q is the stored charge and V is electrostatic potential. Also, the capacitance can be estimated by employing (6), where A is to perpendicular projected overlap area of the plates, is the permittivity, and d is the distance between two plates.
The capacitive sensors work based on relating the change in the voltage of a capacitor to physical variables, e.g., force, pressure, displacement, temperature, or humidity. The way each of the variables changes, i.e., A or d, is usually obtained through the mechanical modeling of the sensor. Afterward, the obtained equation is substituted in (5) and (6) to find the relationship between the physical variable and voltage. For example, normal force and pressure on the plates can change the distance between the plates. Equation (7) shows the relationship between the normal force, F, on the parallel plates and the output voltage of the capacitor.
Researchers have proposed various capacitive tactile sensors for MIS applications. In an early study, Eltaib and Hewit [34] recommended a micromachined capacitive pressure sensor integrated at the end of a tactile probe. The probe was sinusoidally vibrated into the examined tissue. This displacement caused a sinusoidal force on the capacitive sensor. Therefore, the change in capacitance was measured and transformed into the output voltage. The stiffness map of the probed tissue was displayed on a digital graphical contour to inform the surgeon of the difference between soft and hard tissue as a cue for finding abnormalities.
Also, Peng et al. [35] proposed a flexible tactile sensor using PDMS as the sensor structural element. PDMS is well-known for having flexibility, ductility, durability, and biocompatibility. Furthermore, PDMS is easy to micro-fabrication for integration with the existing endoscopic instruments. Their sensor was capable of measuring the tissue elasticity and contact force, simultaneously. Fig. 8(a) shows two different sensing elements composed of a flexible membrane within an array of capacitors in the top and bottom of PDMS layers. Upon the contact between the sensor and tissue, the relative deflection of two sensing elements would be measured by the embedded capacitors. Fig. 8 (b) depicts a fabricated PDMS tactile sensor in [35] . The sensor calibration was performed by using the sensor on rubber samples with various known hardness. Results verified that the sensor could measure elasticity range from 0.1 to 0.5 MPa with a resolution of 0.1 MPa. Paydar et al. [36] proposed a miniaturized and low-profile thin-film capacitive force sensor array to integrate with a tactile feedback system for MIS. The sensor was comprised of a dielectric sandwiched between two metal plates. When a load was applied to the sensor, it would deflect the dielectric and change the distance between two plates. They calibrated the change in capacitance to the applied force. For better results, they fabricated the sensor with gold plates and parylene-C as the insulating material to address the biocompatibility and electrical properties like permittivity and resistivity. Using the MEMS technology, they miniaturized the sensor to fit in the small surface of a da Vinci Cadier TM grasper. Their results showed that the proposed capacitive force sensor could measure the dynamic and static force in the range of 0 to 40 N with a base capacitance of 16.3 pF for 1 mm 2 and 146 pF for 9 mm 2 capacitive area.
Recently, Kim et al. [37] proposed a novel sensorized surgical forceps comprised of two compact capacitive sensors on both jaws of the forceps. During a surgical procedure, forceps would undergo three manipulation forces in three directions due to pitching, yawing, and sliding. Also, rotational torque and grasping force are applied to the forceps by rolling and grasping motions, respectively [38] . In addition to that, the other surfaces were used to palpate the tissue by the surgeon to move or check tissue condition. To this end, two three-axis force sensors were designed to be installed at each jaw of the forceps to provide surgeons with all the forces and torque information. Each force sensor was composed of three perpendicular and parallel configuration of capacitance cells, a movable ground plate to convey the forces, and a triangular substrate. Fig. 9 (a) shows the structure of each 3-DOF sensors under the load. The 3D design of the sensorized forceps and the prototype, manufactured by the machining process, are shown in Fig. 9 (b) and Fig. 9 (c), respectively. Utilizing a precise mobile platform and a pre-calibrated ATI-nano17 force sensor, they calibrated their 6-DOF sensors to 6-DOF external forces and torques on the grasper. The mapping equation was:
. .
where, a ij were the calibration constants and V cell−i were the change in voltage of the i−th capacitive sensor (named as a sensing cell). The calibration constants were identified with applying known uni-axial forces on the grasper and performing a least square error fitting on (8) . The verification experiments showed 3.2, 0.51, and 1.53 N for maximum manipulating forces in X, Y, and Z directions, respectively. Also, the maximum torque was measured 0.42 mNm. For this sensor, packaging the electronic components for sterilization was mentioned as a future development. Capacitive tactile sensors are generally highly sensitive and precise. Such sensors typically have a force range of 0 − 20 N with capacitance less than 1 pF. Also, relatively easy integration with MEMS technology to design thinner dielectric layers and having high resolution and temperature independence are the remarked advantages. These advantages make the capacitive tactile sensors favorable options for surgical tactile sensors [16] , [36] .
On the other hand, compromised repeatability due to the hysteresis and cross-talk has limited the use of the capacitive sensors for very high-precision applications. Also, electromagnetic interference with neural or cardiac activity has limited their use in the heart and brain surgery [6] . A summary of the most investigated capacitive tactile sensors in MIS is presented in Table 1 .
B. OPTICAL-BASED TACTILE SENSORS
The contributions of optical tactile sensors in the MIS and RMIS applications are described in this section. The emphasis was on the sensors prototyped and validated in at least one physical or functional requirement for a tactile sensor in invivo, in-vitro, or ex-vivo experiments.
The first literature reporting development of an optical sensor for medical applications dates back to 1953s. The first application of such a sensor was intravascular and cardiac diagnostic measurements [39] - [41] . In 1960, Polanyi and Hehir [42] presented an optical system for the measurement of the in-vivo oxygen concentration in the blood. In an early study, Frommer et al. [43] proposed a fiber-optic catheter system that could record intracardiac oxygen saturation continuously up to 3 hours in the patients with valvular heart disease. Their instrument provided a novel and valuable tool both for cardiovascular diagnosis and clinical investigations.
During the years, numerous optical tactile sensors have been designed and introduced to be used in the medical approach, especially in MIS procedures. The main characteristics of the optical sensors, that led to their wide adoption in MIS were intrinsic small size, biocompatibility, magnetic, and electrical passivity. Thanks to these specifics, the development of optical tactile sensors for the MIS has gained momentum over the electrical-based sensors. Especially for MRI-guided surgeries such as the brain and cardiac interventions, the optical-based sensors have been the only MRI and electrically passive sensing modalities. The basic sensing element of optical tactile sensors is an optical fiber. The optical-fiber-based sensors mainly work based on three principles: wavelength (WM), phase (PM), and light intensity modulation (LIM) [6] , [44] , [45] .
As depicted in Fig. 10(a) , an optical fiber sensor system generally consists of a light source, to which an optical fiber is connected and the light is transmitted from the source into the optical fiber. The optical fiber is passed through the sensor structure, where the intensity, phase, or wavelength modulation happens. Afterward, the modulated light goes to an optical detector. The choice of the optical detector depends on the sensing principle, whereas, for intensity modulation, the detector could be a photodetector or a camera to measure the intensity of the passed (or reflected) light in the fiber. Also, the detector could be an optical spectrum analyzer (OSA) for obtaining the wavelength spectrum of the light, or a fringe-pattern display to quantify the phase modulation ( Fig. 10(b) ). A post-processing step is also required to obtain the calibration parameters after recording the output light.
1) LIGHT INTENSITY MODULATION OPTICAL TACTILE SENSOR
The first generation of the optical sensors was designed based on the intensity-modulation principle. This sensing principle relies on the variation in light power due to an external modulator parameters like force, pressure, displacement, temperature, etc. LIM sensing principle provides the unique advantages of being inexpensive, thermally insensitive, simple in design, and easily implementable. Thanks to these features, intensity-modulated sensors are favorable for making array sensors and multiple DoF sensors. The main modulation modes in the LIM sensing principle are bending loss and coupling loss. In continuation, these principles will be described and exemplified. 1) Bending Loss Principle When an optical fiber is bent along its length, the change in the incidence angle of the light beam causes intensity loss [66] . Theoretically, there is a critical bending radius for any fiber. When the bending radius is larger than the critical bend radius, there is no intensity loss, and when it is smaller than the critical bending radius, the intensity loss occurs. The critical bending radius is an essential factor for the sensor design. Fig. 11 (a) schematically represented an optical fiber under a single-radius bending deformation induced by force, F. One of the most adopted theoretical models for the intensity modulation is presented in Fig. 11(a) , which was first formulated by Gauthier, R.C. and Ross C. [66] .
In their analysis, it was assumed that the fiber undergoes constant bending radius (CBR) deformation by passing through a mobile and two fixed cylindrical indenters (rollers). Applying the force on the upper mobile indenter bends the fiber and causes a light leakage from the body of fiber and intensity decay in the light output. The power decay model shows the correlation between the displacement of the mobile roller with the output power of the optical fiber. It has been used for calibration of the bending-based intensity modulation optical fiber tactile sensors. Equations (9)-11 express the relationship between the power loss and central curvature angle of in a constant bending radius deformation [66] .
where, P 0 is the input power to a fiber with a constant bending radius of r b and a curvature length of s; whereas P(s) is the power at the desired length, s, on the fiber bent arc, and γ is the constant known as the bend loss coefficient. γ is an intrinsic constant dependent on the wavelength of the transmitting light, geometry, and optical characteristics of the fiber, e.g., critical angle, the refractive index of core and cladding. Also, r(s) is the local radius of curvature as a function of arc length of s and c 0 and c 1 are intrinsic optical properties of the fiber. Using two corrugated moving plates to apply a series of micro bending along the fiber length sandwiched between the plates, is another common type of bending loss optical sensors. In this configuration, multiple bendings cause more intensity loss and improve the sensitivity of the sensor [67] . The use of cylindrical rollers made the physics underlying the intensity modulation simple by enforcing a constant bending radius (CBR) configuration. However, it made the sensor structure bulky and was a limitation for the miniaturization. To cope with this limitation, Bandari et al. [13] , [27] introduced a new sensing principle based on a variable bending radius (VBR).
The VBR principle was based on utilizing only a single arbitrary shape indenter with a significantly small size. Fig. 11(b) depicts the VBR configuration. They formulated the VBR principle by differentiating (9) with respect to s. Their proposed formulation was based on integrating the infinitesimally small change in the power employing dγ as:
By integrating the dP(s) over the length of the fiber, the power-loss was obtained as a function of the radius of curvature function, r(s), as (13) .
2) Coupling Loss Principle Coupling loss-based optical sensors work with two modalities: transmission loss and reflection loss. In both modalities, the light intensity is changed while it transfers between two coupled optical fibers. In the transmissive LIM sensors, typically, a gap between the fibers results in a predictable initial coupling power loss, which would change with the transverse, longitudinal, and angular misalignments between the fibers. Fig. 12 (a) illustrates a schematic of transmission loss due to distance d, between two optical fibers. Equation (14) states the fundamental model relating the coupling efficiency, η (the ratio of the transmitted power to the initial power) to the angular misalignment between the fibers, and the gap length [40] .
where A, B, C, and D are intrinsic properties of the fibers, structural design parameters, gap medium between the fibers and the angular misalignment caused by the physical load, respectively. Comparing the output (measured) and input powers (set at the source), the coupling efficiency, η is calculated, and the unknown parameters in (14) , are estimated. The second coupling loss principle is the reflective LIM, as shown in Fig. 12(b) . In this configuration, a movable reflecting surface is placed in distance d in front of the fibers perpendicular to their central axes.
Most of such sensors have been proposed based on using a pair of straight parallel optical fibers, whereas one is the emitting fiber projecting light to the reflector, and one fiber receiving the back-scattered light. The intensity of the received light is proportional to d. For further simplification of the design, researchers have used a fiber-optic coupler to couple the reflective light to a single fiber, i.e., known as retro-reflective fiber. Faria [68] presented a theoretical analysis of a reflective sensor with a pair of straight parallel optical fiber. In [68] geometrical approach and electromagnetic theory of the paraxial Gaussian beam approach revealed that the increase of the distance would initially increase the reflective light intensity while more distance would decrease the intensity. Polygerinos et al. [69] described a mathematical model for the fiber-optic reflective LIM sensor using an optical coupler. They used the Gaussian light-intensity distribution and modeled the transmitted light in two configurations, i.e., axially moving reflector and tilted reflector along the axis perpendicular to the optical fiber axis. They experimentally proved that the collected light was a function of the distance d.
There are several examples of LIM optical tactile sensor in the literature. For example, Ahmadi et al. [70] developed a bending loss optical tactile sensors composed of three single-mode optical fibers where each fiber passed trough three perpendicular rods. Each fiber was sandwiched between one short movable rod and two fixed rods. Three upper movable rods were attached to a flexible beam in certain different lengths. Fig. 13(a) shows the configuration of the rods and fibers in this sensor. The beam was glued in two sides to the sensor substrate. The applied force would deflect the beam, and the rod would bend the connected optical fiber.
The bending caused intensity decay in the deformed optical fiber. Therefore, measuring the relative deflection of the beam resulted in estimating the unknown force.
They used silica sheets to fabricate the substrate sensor to achieve the biocompatibility and electrical passivity requirements. The beam was made of hi-impact polystyrene to have sufficient flexibility. The point load was applied on different locations on the beam while the intensity output was being recorded as the output voltage of the photodetectors.
The validation experiment was done by considering the interaction between an elastomeric tissue phantom consist of a rigid artificial spherical tumor. The fabricated sensor under the point load and interaction with the tissue phantom is depicted in Fig. 13(b) . Results verified that the sensor was able to identify the location of the concentrated force caused by a rigid tumor. The range of measurement was demonstrated in 0-4 N. Furthermore, the sensor worked under both static and dynamic loading conditions. Also, they recommended using the MEMS technology to miniaturize the sensor structure and utilizing the micromirror to reflect the output light.
In continuation, Bandari et al. [71] proposed an array optical sensor to measure the lateral and circumferential force for valvuloplasty cardiac surgery. The proposed sensor was composed of four single VBR optical sensors that were configured cylindrically. Four semi-cylindrical indenter were attached to the inner surface of the flexible shell in different longitudinal locations. This configuration made the sensor integrable at the tip of a valvuloplasty catheter. A parametric finite element analysis was done to model the sensor. The analytical and numerical validation of the sensor provided the feasibility of using this sensor to consider the heart valves condition and location. In another study [72] , a novel sensing mechanism was proposed, fabricated, tested, and shown to be feasible for MIS procedures (Fig. 14) . The working principle of the proposed sensor was based on calculating the deformation of contacting tissue through measuring the transmissive coupling loss through a fiber attached to the top beam. Similarly, the total contact force was estimated by measuring the coupling loss through two receiving fibers. Quantitative estimation of the stiffness of the tissue was shown to be correlated to the ratio of force to the deflection. The coupling loss between the left and right portion of fiber A was due to the gap and angular misalignment. Deformation of tissue produced the angular misalignment of left and right portions of fiber A; while, the power loss at fibers B and C was due to both the gap and lateral misalignment. The lateral misalignments of left and right portions of fibers B and C were produced due to the deformation of the elastic foundation.
In this study [72] , an N-Type < 100 > silicon wafer was used to make the beams, substrate, and supports while a PDMS film was used to make the elastic foundation. Three single-mode optical fibers were utilized and connected to three photodetectors to measure the transmitted light intensity. Also, an ElectroForce testing machine was used to apply the force on the tissue in two modes: a dynamic concentrated force to examine the response of the sensor under dynamic loads and a test with a distributed force to examine the ability of the sensor in lump location.
To verify the ability of the sensor in measuring the relative softness of different tissues, three silicon rubbers with different shore hardnesses were used. During the experiments, a force with a triangular function was applied at a frequency of 0.1Hz. The results verified that the proposed sensor was capable of distinguishing three distinct materials. Moreover, the results demonstrated equal outputs from both fibers B and C, which indicated a homogeneous distribution of force on the sensor. However, shape optimization was needed to address the miniaturization and waterproof requirements. In addition, a more detailed mechanical model (analytic or FEA) should be provided to investigate the sensitivity of the sensor to the size, depth, and material properties of the lump in the tissue during lump location applications.
As an emerging MIS approach in the last decade, cardiac surgery on a beating heart has been expanded significantly, i.e., the off-pump technique. MIS techniques have played a key role in this expansion. For example, mitral valve replacement (MVR) (and annuloplasty) was one of the first major cardiac surgeries which were revolutionized by catheter-based techniques (CBT). During a CB-MVR an artificial mitral valve is deployed on the defective natural valve using a metallic expandable anchorage device. To secure the prosthetic valve in place, on the annulus (peripheral ring of the valve), a minimum anchorage force of 1.5 − 4 N is reported to be necessary upon deployment [73] . Conventionally, anchorage of the valve is examined manually and qualitatively by the surgeon; however, due to beating movement of the heart and valve motion, the tactile perception of the surgeon from the anchorage force is polluted.
Therefore, to address the need for a sensor capable of precise force measurement in the highly dynamic intracardiac environment, Yip et al. [74] developed an optical tactile sensor based on the reflective light intensity modulation principle. The proposed sensor was comprised of three pairs of optical fibers placed in a triangular configuration. Each pair of fibers included an emitting fiber, coupled to a light source, and a receiving fiber connected to a phototransistor circuit. A reflecting plate was located at a distance of 4 mm against the fibers. The external diameter and the length of the sensor were φ5.5 mm and 12 mm, respectively.
To avoid the interfering with the intra-operative ultrasonic imaging, the rigid components were made of acetal material. A silicon sealer provided fluid sealing of the sensor. An elastic component (Silicon rubber, Polysiloxane, with a shore hardness of 35) was used to join two parts of the sensor with flexibility. Upon applying a force on the tip of the sensor, it would press the elastic element and subsequently changed the orientation of the reflective plate. The change in the spatial orientation of the plate would cause depreciation of the light intensity in the receiving fiber. Fig. 15 illustrates the sensing principle, geometric design, and final prototype of the proposed sensor. Since Silicon rubbers exhibit a nonlinear force-deflection behavior with hysteresis; therefore, the quadratic viscoelastic function was used for calibration. The calibration was performed by applying a sinusoidal chirp force to the sensor, with an amplitude of 4 N and a terminal frequency of 6 Hz. To simulate the immersion of the sensor in blood, the calibration tests were performed in the water while its temperature was maintained at 37 • C. In order to assess the generality of the obtained coefficients, the input loads of chirp waveform and triangular waveform were reconstructed from the voltage signals. The correlation coefficient of reconstruction and chirp input was R 2 = 0.9889 and for triangular input was R 2 = 0.9867. In-vivo experimentation on the sensor was performed on Yorkshire pigs. The sensor was integrated on a 14−guage needle and inserted into the left atrium of the animals. The tests were conducted under 3D ultrasound navigation.
During the surgery, surgeons had real-time visual force feedback and tried not to exceed the force magnitude of 1.5 N. Post-mortem examinations show that the anchor was deployed correctly in place with a force of less than 2 N. However, due to the integration of the sensor on a rigid surgical instrument, surgeons could perceive the force during the operation to control the required force magnitude, while in the case of robotic surgeries or flexible instruments, the transmitted light can be sensitive to optical fiber bending. Furthermore, the elastic component material properties should be considered due to hysteresis in higher frequency signals.
Another emerging field of MIS application is cardiac ablation. A common cardiovascular disease is the abnormal heart rhythm or cardiac arrhythmia [76] . During the years, different medication courses have been investigated for arrhythmias, yet the most effective treatment is the radiofrequency ablation surgery (RFA). During RFA, a long, thin, and flexible catheter is subcutaneously steered to the right atrium. By tracking the catheter tip via real-time fluoroscopic imaging, the surgeon confirms the secure contact between the RF electrode and the atrial wall and initiates the ablation process [10] . Studies have revealed that the electrode-tissue contact force is a major factor affecting the success of an RFA procedure. A large contact force, i.e., beyond 0.3 N, would tear or perforate the tissue, while an insufficient force leads to a suboptimal contact area and fail the procedure [15] . To satisfy these requirements during the ablation procedure, sensors are designed to be integrated at the tip of the catheter.
In this regard, Noh et al. [75] proposed a new miniature three-axis force sensor, which is integrable at the tip of the ablation catheter to measure the contact force. In their study, a novel sensing mechanism based on reflective coupling loss LIM principle and an unprecedented intensity estimation mechanism based on CCD camera utilization was proposed. As depicted in Fig. 16(a) , the sensor consisted of a flexible cylindrical casing with a mounted mirror inside, a four-core bundle optical fiber, an LED light source, and a CCD camera (resolution 640×480, at 30 fps). The mirror was fixed on three cantilever arms at a 3×120 • circular configuration. Upon application of external force to the sensor, the flexible tip of the sensor would deflect and so would each of three cantilever beams. The deflections would move the white plate to a new orientation.
As illustrated in Fig. 16(b) , the light source illuminates the tip of the sensor through one of the fibers. The reflected light from the interior mirror was transmitted back to the CCD camera through three optical fibers. An image processing software was developed to estimate the light intensity in each of the three receiving optical fibers. The reflected light intensity is a function of the orientation of the mirror, and the deflection of beams governs the orientation. Since the deflection of a beam is linearly proportional to the force, the intensities of reflected lights recorded by CCD camera were mapped to the external calibration forces. To do so, a multi-linear regression model with nine-regression coefficients was used. As depicted in Fig. 16(c) , each frame was divided into three regions of sections (ROS), which were corresponding to each fiber. The intensity value was calculated as the mean value of pixels in each ROS at a given time. The first prototype of the sensor consisted of a 3D printed deformable structure is shown in Fig. 16(d) .
To perform the calibrations, a device equipped with a force sensor was used. The fabricated sensor was subjected to a compressive axial load of F z = 0 to 1.5 N, and lateral push-pull forces of F x = F y = −0.5 to 0.5 N. Results showed a linear relationship between the light intensity values of three receiving fibers and the force applied to the sensor. However, this study could be further improved by increasing the resolution of the camera, implementing an edge detector over each ROS to discard the contribution of black pixels to improve sensitivity, studying the effects of filtering parameters on the accuracy, and re-configuring the bundle to be more symmetrical.
Intensity modulation optical sensors are popular for their inexpensive and simple sensing structure and processing system. They are not sensitive to temperature variation, thus, eliminates the need for a thermal compensation schema. On the other side, because of the light source fluctuation, fiber deflection in the bending model or fiber misalignment in the coupling loss model, there is undesired drift in the intensity data reading. A summary of the state-of-the-art of LIM optical tactile sensors proposed for MIS is tabulated in Table 2 .
2) WAVELENGTH MODULATION OPTICAL TACTILE SENSOR
Wavelength modulation optical sensors were proposed to achieve higher resolution measurements in comparison with the LIM-sensors. For the first time, in 1978, Hill et al. [77] made a periodic change in the refractive index of the core of the optical fibers via electromagnetic waves and developed the Fiber Bragg Grating. Afterward, Meltz et al. [78] demonstrated a new method to develop Bragg grating in the fiber by exposure to coherent two-beam UV interference. An FGBbased sensor works based on the radiation reflection of a narrow range of wavelengths in the Bragg area on the core. The central wavelength of this range is called a Bragg wavelength, λ B . Bragg wavelength is a function of the refractive index of the core, η eff and the period of the grating, , as expressed in (15) :
Axial strain induced by physical loads like force, pressure, displacement, vibration, or temperature changes influences and η eff ; thus, subsequently causes a reflected wavelength shift. The wavelength shift is defined as λ B and is calculated by (16) : where, k is the coefficient for axial strain, and k T is the coefficient for the temperature change, T [79] . Depending on the application, a sensor structure is designed to translate the physical stimulus, i.e., force, pressure, thermal strain to FBG fiber. Afterward, calibration of the wavelength change with respect to the physical stimulus is performed the least square fitting. Fig. 17 schematically shows the input and output light spectra happening in a fiber Bragg grating due to an axial strain. As a commercialized example, Yokoyama et al. [15] developed an FBG force sensor to be integrated at the tip of the RF ablation catheter. The sensor consisted of three FBGs embedded in a compliant tip of the catheter. During the ablation procedure, the contact force between the cardiac wall and the tip of the catheter caused axial strains and shifts on the reflected spectra of the three FBGs. Depending on the level of axial and lateral components of the tip force, each fiber would exhibit different spectrum changes. To validate the sensor, the researchers performed a total of 1409 measurements on two catheters in perpendicular, parallel, and 45 • directions. Calibration was performed using a least-square error fitting. Afterward, the sensor was embedded in an RF ablation catheter and was used in 10 anesthetized canine animal models. The results confirmed the measurement linearity of the sensor with R 2 = 0.988. The mean error of readings was less than 1.0%, and the range of measurement was 0 − 0.5 N with a resolution 10 mN. This sensor was later commercialized as a part of the ablation catheter TactiCath TM Quartz ablation catheter (formerly Endosense SA, Switzerland, acquired by Abbott Laboratories, Illinois, USA.) Fig. 18 shows the schematic of this sensor and the tip contact force during the ablation procedure.
In another representative study, Park et al. [79] proposed an MRI-compatible biopsy needle equipped with tactile sensors to measure the needle deflection profile while inserted into a tissue. In diagnostic biopsy and localized treatment monitoring, the tip of the needle is important to end up at the pre-planned location for taking biopsy samples. To this end, three optical fibers were attached to the inner part of the biopsy needle. The three FBG fibers were embedded in a circular pattern with 120 • angular separations. Electrical discharge machining (EDM) was used to manufacture the fiber holder grooves in the needle. It helped to make accurate details in the metal without ferromagnetic extra parts to save MRI-compatibility. Fig. 19(a) illustrates the sensor designed with three fibers configuration in the biopsy needle and FBG locations.
The prototype was calibrated using two orthogonal digital cameras. The cameras were used to capture the 3D shape of the needle in bench tests. Calibration was done while needle deformed vertically and horizontally in lateral axes. Also, the needle was exposed to various temperatures in the range of 20 • C to 55 • C in the absence of any mechanical force. The researchers successfully mapped a linear transformation between the needle curvatures in two lateral axes and temperature change to the FBG wavelength shift. Fig. 19(b) shows a representative shape of the needle and its corresponding wavelength spectrum in bench tests.
Also, the needle was used under MRI imaging. Results showed fair agreement and verified accurate sensor performance in the MR environment. Using three or more fibers have been recommended to improve the system accuracy as well as using the sensors as force gauges to fine the tissue deformation model. This study shows a good example of sensor embedded medical devices for shape sensing flexible interventional instruments. Further development on this sensor could possibly be applicable for prostate and breast robot-assisted brachytherapy research [80] , [81] .
Zarrin et al. [82] developed two sterilizable sensorized needle driver graspers for laparoscopic instruments. Two FBG sensors were mounted in the custom-designed jaws of a grasper to measure axial and grasping force intraoperatively. The first prototype was designed with a T-shaped movable component contained an FBG to measure the axial force due to generated axial strain. A second FBG was attached to the working part of the jaw to capture the grasping force directly. Calibration was done to find the relationship between the reference force from an ATI-nano commercial force/torque (F/T) sensor and wavelength shifts of the FBGs. However, the first design was not reliable enough to measure the axial force because of the outward bending of the jaws while grasping an object. Also, the sensor was not capable of measuring the accurate force values in different locations on the jaw. Nevertheless, the sterilization and resolution requirements were not addressed [83] . To cope with the limitations, a new prototype was developed to improve the sensing ability. Due to achieve biocompatibility and sterilizability, stainless steel was used to manufacture the sensor structure. The jaw was fabricated using a wire EDM machine to have a high-quality surface finishing and resulted in less friction between the sliding parts, thus more accuracy of axial force measurement. An I-beam component was embedded in the second prototype, and two FBGs were attached to measure the axial and grasping force. To alleviate the undesired outward bending of the axial sensor, it was located at the neutral axes of the cross-section of the jaw for better reinforcement. In addition, an I-beam was attached at the tip of the instrument to reduce the axial strain. Fig. 20 depicts the sensor-embedded needle-driver grasper. Researchers utilized finite element analysis to predict the results deformation under working loads which were reported in acceptable axial strain and out-of-plane warping.
An optical interrogator was used to record the FBG wavelength, while the applied grasping and axial force were recorded by ATI-nano F/T sensor. Furthermore, the location of the force was changed to evaluate the sensor response versus the location. The relationship between the recorded force data and FBG wavelength shift was calibrated using the linear regression. With the applied force in the range of 0 − 10 N, the demonstrated measurement range of the sensor was 0 − 6 N for grasping and 0.27 and 0.3 for loading along the x−, and y− directions, respectively. The sensitivity for the grasping and axial sensors were 64.38 and 166.5 N /mm, respectively. The results were acceptable to present this sensorized needle-driver grasper for MIS applications. However, temperature compensation was still unmet.
In summary, the FBG-based sensors are bio-and MRI-compatible, which are the most limiting factor for non-optical sensing principles. Depending on the structural design and manufacturing material, the sensor could be sterilizable and physically robust. In addition, multiple FBG portion with various brag-lengths can be created along a single optical fiber and be calibrated to measure various parameters, simultaneously. Furthermore, due to their small size and flexibility, an FBG-based sensor can fit on the typically confined structures of surgical instruments used for MIS and RMIS applications. These sensors are sensitive enough to capture the small strain in the micro-scale. However, relatively expensive and sophisticated optical source and optical interrogator are needed for the FBG signal processing system. Also, a major drawback of the FBG sensors is that such sensors are intrinsically temperature-sensitive and require temperature compensation to preserve their sensitivity and accuracy. Nevertheless, FBG-sensors make favorable options for accurate temperature monitoring applications. Some MIS and RMIS application such as cryosurgery and radiofrequency tissue ablation [84] are associated with intraoperative high-temperature changes, e.g., from −80 • C to +60 • C. Therefore, there is a compromise between the reliable range of working temperature and force sensing capabilities of FBG-sensors. Representative FBG sensors for MIS applications are summarized in Table 2 .
3) PHASE MODULATION OPTICAL TACTILE SENSOR
Another optical phenomenon based on which sensors have been proposed is the phase modulation principle. Such sensors basically, work based on Fabry-Perot interferometry (FPI). The FPI-based sensors are comprised of a semi-reflective surface at the end of an emitting optical fiber and another (semi-)reflective surface place at a certain distance in front of it ( Fig. 21) . Such configuration is known as the Fabry-Perot cavity.
In a Fabry-Perot cavity, light reflects back partially to the emitting fiber, while another retro-reflection happens at the surface of the reflective surface at a distance. By visualizing the superposed light-emitting back from the fiber, circular infringement patterns form as a result of the phase difference between the two retro-reflections (one from the semi-reflective end of the fiber and one from the reflective surface in the cavity. By analyzing the width of dark and bright bands in the infringement pattern, a precise estimation of the distance (cavity length) is obtained. The band thickness and their intensity is a function of the Fabry-Perot cavity length; therefore, external force, pressure, and displacement causing the change in cavity distance can be calibrated with respect to the phase shift or change in the intensity of the fringes [86] . Depending on whether the light leaves the emitting Fabry-Perot fiber or reflects internally, this sensing principle is categorized as extrinsic and intrinsic, respectively. Fig. 21 depicts these two categories schematically. Also, a comprehensive review of the physics and application of FPI sensors is provided in [87] . Fig. 21 depicts both configurations of FPI sensors. The phase difference of the interference signal, δ FPI is expressed as (17) , [88] :
where, λ is the wavelength of the incident light, n is the refractive index of the cavity main and L cavity is the length of the FP cavity. In addition, the reflected intensity can be calculated through the summation of two reflected light intensity, I 1 , I 2 with two different phases, φ 1 , φ 2 and applying Euler's identity, (18) , [89] :
Shang et al. [85] proposed an MRI-compatible FPI optical sensor to measure needle insertion force for prostate cancer brachytherapy. They designed a mechanical fixture to keep the FPI sensor and embedded it into an MRI-compatible prostate needle insertion robot [90] . The sensing principle of the sensor and its structure are shown in Fig. 22(a) . As illustrated, the fringes generated by red beams would be different from those created by black beams when the cavity length was changed by applying the load. Therefore, the change in fringe intensity was calibrated versus the magnitude of the applied force.
Also, a finite element analysis was performed for structural optimization to keep the sensor structure intact under the working force range. Calibration was done by putting standard weights on the sensor prototype. Fig. 22(b) illustrate the FPI sensor in the biopsy needle. A photodetector converted the reflected light signal into a voltage signal, and force-voltage data were recorded for post-processing. The sensor worked accurately in the range of 0 − 10 N with the 0.318 N root-mean-square (RMS-) error.
In another effort, Mo et al. [91] presented an FPI force sensing system to use in the needle insertion application. Two FPI sensors were mounted in parallel at the tip of a puncture needle with 1.54 mm internal diameter. The two sensors worked based on the interferometric intensity-phase modulation. One of the FPI sensors was designed to measure the axial force at the tip and temperature, while the second FPI sensor was utilized as the reference temperature sensor. The schematic figure of the two FPI sensors inside the needle tip and the sensor-embedded needle is shown in Fig. 23(a) . A laser source with the wavelength 1550 nm transmitted the light and a splitter, which divided the light into two fibers. The interfered pattern of two sensors was measured by photodiodes, and the force and temperature estimation was performed in a computer workstation. Fig. 23(b) illustrates the temperature FPI sensor embedded on the needle.
The system was calibrated with a commercial dynamic force sensor and a linear model was obtained between the dynamic force and temperature compensated intensity phase of the FPI force sensor. The result showed that the system performance was accurate in the range of 0−8 N and the temperature range of 23 − 37.5 • C. The system performance was verified with an insertion experiment inside a skin phantom at various temperatures and different insertion depths. Analyzing the tip force and insertion speed was recommended to detect the tissue type and its abnormality in the future investigation.
FPI sensors are highly sensitive with a tunable range of measurements. Structural optimization has become a scheme in fine-tuning FPI sensors for the mechanical requirements of MIS applications. Furthermore, FPI sensors can be integrated into the small space of the surgical instruments. Also, they are biocompatible and work in magnetic field environments properly. In comparison with the expensive optical analyzer of FBG sensors, signal processing of the FPI sensors is fairly simpler and does not require intense signal processing algorithms.
In addition, FPI sensors are sterilizable with both ethylene oxide and steam. However, care must be taken in handling these sensors, since the precise alignment and packaging of the fibers are crucial for maintaining the calibration. Another limitation of FPI sensors is that FPI cavities are intrinsically open structures, which firstly makes the whole structure of the sensor compliant and prone to fracture, and secondly makes it open to biological fluids. The latter would compromise the whole sensor performance by altering the light path, if not blocking. Also, the open cavity structure makes the sterilization validation process cumbersome due to providing a space for the micro-organisms to grow and not reachable by sterilizing agents [92] - [94] . Another limitation of the FPI sensors is manufacturability. Table 2 presents a summary of various FPI sensors developed for MIS applications.
IV. CONCLUSION
In this paper, articles proposing novel tactile sensors for MIS or RMIS application were reviewed. The main motivation for this paper was the lack of a multi-disciplinary review with the focus on tactile sensors with MIS/RMIS application. Most of the reviews in the literature are centered on the sensing principles, while some focus merely on artificial skin and artificial sense of touch for robots. Therefore, initially, a systematic categorization of the available sensors in the literature was provided, i.e., electrical-based and optical-based sensors. Afterward, the sensing principles and theoretical backgrounds, as well as the methodological details and technical advancements adopted by researchers in each category, were reviewed. At the end of each sensing principle, the representative studies were reviewed critically, and at last, the advantages and limitations of each were discussed.
An emerging research and development trend in the literature is the evolution of hybrid sensors. Hybrid sensors are basically, the sensors which employ more than merely one sensing principle to measure one or multiple physical stimuli, e.g., force, displacement, stiffness, etc. In fact researchers have proposed the use of hybrid sensors on two grounds: 1) for obtaining more robust measurements of physical stimuli, e.g., common noise cancellation, temperature compensation, and 2) for covering wider working environments, e.g., using a sensor under static forces and another under dynamic forces, or using a sensor when the magnetic field is present and another when the magnetic field is negligible.
There is a relatively small number of recent developments of hybrid sensors for MIS and RMIS, e.g., [110] - [117] . However, thanks to the adoption of the recently developed concepts of sensor fusion and machine learning, this field of research has gained momentum. There are still technical and methodological challenges such as multi-sensor cross-talk, noise amplification, heterogenous refresh-rate, asynchrony of sensor readings, and increased the complexity of the system. Therefore, new research efforts are yet expected to overcome the impediment of the technological limitations for hybrid tactile sensors.
Although the majority of the current literature has used a linear uni-or multi-variable regression calibration schema, new non-linear technique is emerging. Some of the recent developments have adopted more complex phenomena or structures such as variable bending radius (VBR) intensity modulation [13] , [14] and viscoelastic structures [75] to achieve more precision and less hysteresis. Such phenomena or structures are intrinsically non-linear, thus need non-linear regression models. The models proposed include both analytical and heuristic models. While for analytical models, power-law and polynomial expressions have been the most popular, the heuristic models have adopted neural network [118] , deep-learning [119] , and support vector regression methods [6] , [13] .
In addition, the future works might include chamberless light modulation, rigorous modeling of the light modulation, rate-dependent calibration law, power spectral density analysis to quantize dynamics of the problem, camera-based intensity quantization, and miniaturization by using pre-bundled multi-core optical fibers. Also, as the shape-sensing of the soft-robots, e.g., catheters, for MIS and RMIS, has gained momentum in the field of robotics [7] , [118] - [121] , the need for the body-embedded sensor for shape sensing is eminent and prominent.
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